The acute respiratory distress syndrome (ARDS) is characterized by fluid accumulation in small pulmonary airways. The reopening of these fluid-filled airways involves the propagation of an air-liquid interface which exerts injurious hydrodynamic stresses on the epithelial cells (EpC) lining the airway walls. Previous experimental studies have demonstrated that these hydrodynamic stresses may cause rupture of the plasma membrane (i.e. cell necrosis) and have postulated that cell morphology plays a role in cell death. However, direct experimental measurement of stress and strain within the cell is intractable and limited data is available on the mechanical response (i.e. deformation) of the epithelium during airway reopening. The goal of this study is to use image-based finite element models of cell deformation during airway reopening to investigate how cell morphology and mechanics influence the risk of cell injury/necrosis. Confocal microscopy images of EpC in subconfluent and confluent monolayers were used to generate morphologically-accurate 3D finite element models. Hydrodynamic stresses on the cells were calculated from boundary element solutions of bubble propagation in a fluid-filled parallel-plate flow channel. Results indicate that for equivalent cell mechanical properties and hydrodynamic load conditions, subconfluent cells develop higher membrane strains than confluent cells. Strain magnitudes were also found to decrease with increasing stiffness of the cell and membrane/cortex region, but were most sensitive to changes in the cell's interior stiffness. These models may be useful in identifying pharmacological treatments which mitigate cell injury during airway reopening by altering specific biomechanical properties of the EpC.
I. Introduction
Certain pathological conditions such as pneumonia and sepsis can lead to the development of the acute respiratory distress syndrome (ARDS), which is the most severe manifestation of acute lung injury (ALI). This condition is characterized by increased permeability of the alveolar-capillary barrier leading to fluid accumulation in the distal airways (43) . In many cases, mechanical ventilation is necessary to stabilize patients with ARDS.
However, ventilators can generate injurious mechanical forces which exacerbate the existing lung trauma. These mechanical forces, which are typically applied to lung epithelial cells (EpC), can cause cell necrosis (6, 46) , further barrier disruption (9, 10, 46) , and up-regulation of inflammatory pathways (36) . These mechanical and biological responses lead to additional lung injury known as ventilator-associated lung injury (VALI) (12) . Although recent advances in ventilation protocols, including low tidal volume (37) and high PEEP (17) , have decreased the iatrogenic effects of mechanical ventilation, mortality rates for ARDS/VALI patients remain high, with estimates ranging from 25 to 50% (12, 42, 43) .
Traditional clinical perspectives on the management of ARDS and VALI involve controlling organ-level parameters such as the ventilation tidal volume and pressure (36) or molecular-level treatments such as surfactant therapy (43) . However, the symptoms of ARDS and VALI originate in cellular-level responses to mechanical loads including stress failure of the epithelial cell membranes (42) , cell detachment from the basement membrane (46) , as well as a variety of mechanotransduction processes (12) . Inflammation and disruption of the epithelium leads to alveolar flooding, which mediates additional lung injury through two principal mechanisms: over-distension of the remaining aerated alveoli (i.e. stretch-induced injury or volutrauma) and the reopening of fluid-filled airways via bubble propagation (i.e. flow-induced injury or atelectrauma) (42) .
Flow-induced injury, or cell damage induced by moving air-liquid interfaces, has been implicated in the pathogenesis of ARDS/VALI. Several investigators have presented experimental and theoretical models of airway reopening via bubble propagation through fluidoccluded channels. Theoretical investigations have explored mechanical and hydrodynamic coupling during bubble propagation through flexible airways (18, 33, 34) , with some results suggesting that surfactant administration may reduce the cellular strains during reopening of a collapsed airway.
Unfortunately, surfactant administration may have limited clinical applicability because of surfactant deactivation in the presence of plasma proteins (8) .
Experimental studies in rigid-walled channels have largely focused on the link between epithelial cell injury and the various components of the hydrodynamic stress field induced by the moving air-liquid interface. For example, Bilek et al. (6) and Kay et al. (26) used computational and experimental techniques to demonstrate a correlation between cell damage and the large pressure gradient near the bubble tip during airway reopening. Jacob and Gaver (22) extended these results using a simplified computational model of the epithelium (i.e. a 2D corrugated channel wall) and showed that cells with different heights but similar height-to-width aspect ratios will experience nearly identical peak stresses during bubble passage. If cellular injury/necrosis was determined only by the magnitude of the applied hydrodynamic loads, one would expect cells with similar aspect ratios to exhibit similar death and injury rates under experimental conditions.
To test this hypothesis, Yalcin et al. (46) conducted airway reopening experiments on CCL-149 rat epithelial cells cultured to obtain low-confluence (~25%) and high-confluence (~100%) monolayers. They used confocal microscopy to characterize the morphology of these EpC by measuring cell height, length, and width, and found that subconfluent cells are taller, but both cell types have similar aspect ratios. After bubble passage, the subconfluent cells exhibited significantly higher death and injury rates compared to confluent cells for a range of reopening bubble speeds. This result suggests that hydrodynamic stresses alone cannot explain the difference in injury rates between the subconfluent and confluent cell types. Therefore, in this study we used computational techniques to further investigate the role of cell morphology and mechanics in determining cell injury during airway reopening.
The collective contributions of the studies discussed above have been to elucidate some of the fluid-mechanical and biological processes involved in lung injury. However, none of these studies directly measured intracellular deformation or strain during flow-induced injury.
The goal of this study was to use computational models to help fill this gap in our understanding of the mechanisms responsible for cell injury by quantifying the strains experienced by EpC during airway reopening. We used confocal microscopy images to develop 3D finite element models of in-vitro cell geometries and used these models to explore the influence of cell morphology and cell mechanics on the risk of cell injury. In all of our models, we correlated increased strain in the plasma membrane with an increased risk of cell death or injury. We compared the subconfluent and confluent cell populations and implemented an orthotropic mechanical model for the membrane/cortex region in an effort to accurately capture the experimentally-observed bending, extensional, and shear moduli of this region. We performed a systematic parameter variation study on the independent parameters in our model; namely the cell stiffness, E cell , the membrane elastic and shear stiffnesses, E mem and G mem , and the membrane thickness, h. Our results indicate that cell morphology and mechanics play a significant role in cell injury, both in the magnitude and localization of strain. These conclusions reinforce the need for image-based models of cell deformation as opposed to generalized models with globally-defined morphological characteristics such as cell aspect ratio. These image-based models have lead to a better understanding of the mechanisms of cell injury during airway reopening.
II. Materials and Methods

Cell Culture and Confocal Imaging
The computational models presented in this study are based on direct measurements of in-vitro cell morphologies. Human A549 alveolar epithelial cells (CCL-185, American Type Culture Collection, Manassas, VA) were cultured at passage number 20-30 and were maintained in Ham's F12K medium with 10% fetal bovine serum, 1% penicillin/streptomycin and 1% fungizone (Invitrogen, Carlsbad, CA). The cell culture medium was changed every 2-3 days.
Cells were harvested with 0.125% trypsin (Invitrogen), counted with trypan blue exclusion (Invitrogen) and seeded onto 30mm-diameter coverslips placed in 6-well plates by adding 2ml of a 8x10 4 cells/ml solution to each well. Cells were grown under standard culture conditions (37°C, 5% CO2, and 95% air) for one day to obtain a low-confluence (~25%) monolayer or four days to obtain a high-confluence (~100%) monolayer. Cells in the low-confluence monolayer were tall and rounded while cells in the high-confluence monolayer were flat and closely-packed.
These two characteristic morphology groups were chosen to serve as models for the thin/spread morphology of type I EpC (high-confluence group) and the larger/taller morphology of type II EpC (low-confluence group). Cells in both the high-confluence and low-confluence groups were chosen at random from their respective confocal images without foreknowledge of cell morphometry or proximity to neighboring cells.
When the cell monolayers achieved the desired confluence, they were visualized using laser-scanning confocal microscopy (LSCM). Confocal images of the whole-cell morphology were produced by staining the cells' cytoplasm with a fluorescent dye. Cells were exposed to a solution of serum-free cell culture media and 2 µM of calcein AM, a stain that has excitation and emission wavelengths of 494 and 517 nm, incubated in the dark for 10 minutes and then viewed with a Zeiss LSM 510 Meta confocal microscope at 40x magnification. Each 
Finite Element Models
After LSCM visualization, we extracted a series of parallel cross-section images from the EpC monolayer such that each image represented a transverse slice of the cells, from the substrate to the apex. The images were then imported into the Rhinoceros (Seattle, WA) CAD package. For each image, we generated boundary curves that defined the cells' apical surfaces using cubic non-uniform rational B-splines (NURBS). After processing all cross-sections, we created a network of curves for each cell in the monoloayer and generated surfaces based on those curve networks. Using this method, we produced 3D surface maps of the EpC in both confluent and subconfluent monolayers (see Figure 1 for step-by-step images of model creation).
Quantitative morphology data for the subconfluent and confluent cell groups is given in Table 1 .
To generate the finite element models, we exported the cell geometry bodies to the 
Hydrodynamic Loads and Boundary Conditions
In this study, we were interested in the maximum deformation epithelial cells experience during the propagation of an air bubble in a fluid-occluded parallel-plate flow chamber (see Figure 2 ). Several previous experimental and computational studies have implicated the large pressure gradients near the bubble tip as the likely cause of cell damage during airway reopening (22, 26, 46) . In particular, Bilek et al. (6) showed that cell damage increases with decreasing bubble velocity, which also correlates with increasing the maximum pressure gradient near the bubble tip. These authors developed relationships for the maximum instantaneous hydrodynamic stresses and stress gradients near the bubble tip as a function of the Capillary number, Ca, or dimensionless bubble speed.
(1)
where Ca = µU/γ, µ is the fluid viscosity, U is the bubble speed, γ is the surface tension of the air-liquid interface, τ s and dτ s /dx are the shear stress and shear stress gradient, dP/dx is the pressure gradient, H is the channel half-height, and x is the axial coordinate in the flow direction.
To quantify the maximum deformation of epithelial cells during airway reopening, these maximum instantaneous hydrodynamic loads were applied at the cells' apical surfaces as a superposition of normal and tangential stress tractions. Tangential 
Cell Mechanical Properties
Cell deformation in the ADINA finite element models is governed by a standard stress balance relationship (Equation 4) and a stress-strain constitutive equation for the desired material model.
We used a linear elastic material model with the following constitutive relationship (3).
(5)
Here ε ij is the Lagrangian strain tensor, ε kk = ε 11 + ε 22 + ε 33 is the strain invariant, ν = 0.49 is the Poisson ratio, and E is the Young's modulus. All equations are written in standard indicial notation. Estimates of cell stiffness, E cell , by various experimental microrheology techniques have shown significant variability, with published stiffness values ranging from tens of Pascals to a few kPa (21) (see also the results summarized in Table 2 ). To account for this wide range of possible stiffness values, we modeled the cell interior as an elastic isotropic medium with a broad range of cell stiffness, 200 < E cell < 10,000 dyn/cm 2 .
Membrane Mechanical Properties
Previous investigators have demonstrated that structural/mechanical differences between the deep cytoskeleton and the sub-membrane cortical region in alveolar epithelial cells may result in different mechanical properties (i.e. stiffness) for these two regions (27, 29) . In this study, we modeled the membrane region of the cell as an elastic shell and considered two models for its mechanical properties. The first model included only the mechanical contributions of the lipid bilayer, which has a thickness, h ≈ 5 nm (7). In the second model, we added the contribution of the actin cortex, which has a thickness, h ≈ 100 nm (47) . In both cases, the membrane/cortex region can be thought of as a material that resists extension, bending, and shear. The moduli that describe this resistance to deformation (k e , k b , and k s ) can be estimated from the literature as shown in Table 3 . We incorporated these experimental values in our computational models by noting the following relationships between k e , k b , and k s and the Young's modulus, E, and shear modulus, G, of the membrane. These relationships are derived from classical plate theory (38, 41) . (7) (8) (9) where h is the thickness of the membrane and ν is the Poisson ratio. The extension modulus 
Applying this isotropic formulation to the membrane/cortex would over-estimate the shear resistance by six orders of magnitude. To match the k s more closely, we modeled the membrane/cortex as an elastic orthotropic shell with the following stress-strain relationship (1) . (11) where ε ij are the strain components and σ ij are the stress components. Unlike typical orthotropic engineering materials such as composites, we assume the membrane/cortex does not have direction-dependent mechanical properties, so
To match E mem and G mem to the experimental values reported in Table 3 , we started by selecting values for the extension modulus, k e . Knowing k e and h determined E mem (Equation 7).
The bending modulus is also a function of E mem and h (Equation 8), so choosing k e determined k b in our orthotropic shell model. For the lipid bilayer, the resulting k b was close to the experimental observations, while the cortex k b was slightly over-estimated. Finally, we used the experimentally-determined shear modulus to set G mem in our model. Note that lipid bilayers exhibit very little resistance to shear, so k s of the bilayer reported in Table 4 is an arbitrary value chosen to be an order of magnitude less than k s of a cortex skeleton, as reported by Lenormand et al. (30) . For reference, the target moduli k e , k b , and k s , as well as the resulting modeling parameters, E mem , G mem , and h, are given in Table 4 for the lipid bilayer only and for the membrane plus the actin cortex region.
Data Inquiry and Statistics
For all of the results presented in this study, we quantified cell deformation in terms of effective strain in the cell membrane.
where ε ij are the strain components calculated in the finite element analysis. For the purposes of discussion, we queried the maximum effective strain, ε eff,max , to quantify localized peak strains within the cells. We also calculated the area-averaged strain, ε eff,avg , to quantify whole-cell effects. Statistical analysis was performed using SPSS 15.0 (Chicago, Ill.) assuming a lognormal probability distribution. The log normal distribution of ε eff,max and ε eff,avg in the subconfluent and confluent cell populations was confirmed by a Kolmogorov-Smirnov test (all P ≥ 0.483).
III. Results
We began by comparing the subconfluent and confluent cell populations with two different membrane models (lipid bilayer only or bilayer plus cortex). Figure 3 shows maximum and area-averaged effective strains in the membrane for subconfluent and confluent cells with the lipid bilayer membrane model or the cortex membrane model. In all cases, cells were exposed to bubble-induced stresses at Ca = 5E-5, which is typical for experimental airway reopening conditions (6, 26, 46) . As expected, increasing cell stiffness decreased the amount of deformation experienced by the cells. Comparing the two cell populations (Figure 3 ), the subconfluent cell models predicted higher strains than the confluent cell models. ANOVA indicated that cell type (confluent vs. subconfluent) and cell stiffness were both statistically significant factors (all P < 0.001 for both the lipid bilayer and cortex models, using maximum and area-averaged strain data). Among confluent or subconfluent cells only, differences between the lipid bilayer and cortex models were statistically significant (all P < 0.001 by ANOVA). For all data shown in Figure 3 , all E cell treatment levels were significantly different (all P < 0.001 by a least significant difference (LSD) post-hoc test). Contour plots showing strain localization patterns for representative confluent and subconfluent cells with both membrane models are shown in Figure 4 .
As previously discussed, several experimental and computational studies have implicated the large pressure gradient near the moving bubble tip as the primary mechanism of cell injury during airway reopening (6, 22, 26, 46) . To investigate this hypothesis, we performed a series of simulations in which pressure and shear stresses were applied independently (as opposed to Results for area-averaged strains were similar (data not shown). Furthermore, for the slow bubble speeds typically used in airway reopening experiments (Ca < 5E-4), pressure-induced strains were 1-2 orders of magnitude larger than shear-induced strains. (Compare panels A and B in Figure 5 .) As bubble speed increased (higher Ca), shear forces also increased, but shear-induced strains remained less than 1% in the experimentally-relevant regime (Ca < 5E-4). This finding is in agreement with previous studies that have implicated the large pressure gradients near the bubble tip in cell injury during airway reopening (6, 22, 26) .
Up to this point, we have been comparing results from our two baseline membrane models: the lipid bilayer only and the bilayer with an actin cortex. In these two models, the membrane thickness, Young's modulus, and shear modulus were simultaneously changed to produce the desired bending, extensional, and shear moduli (see Table 3 ). To quantify the role of each mechanical property specified in our models, we systematically varied our three independent parameters: G mem , E mem , and h. (see Figures 6, 7, and 9) . In each case, variations were performed from the baseline cortex model using the confluent and subconfluent cell
populations with E cell = 1,500 dyn/cm 2 .
In Figure 6 , we varied the shear modulus, G mem , keeping h and E mem at the baseline cortex values. The lower limit was defined by the G mem required to match the published experimental value for k s = 0.0025 dyn/cm and the upper limit was prescribed by an equivalent isotropic membrane model (k s = 150 dyn/cm). Increasing the shear modulus of the membrane region generally decreased membrane strain. ANOVA indicated that G mem was a statistically significant factor for confluent cells (P = 0.035 and P = 0.010 based on maximum and area-averaged strains) and subconfluent cells (P < 0.001 based on maximum and area-average strains), but an LSD post-hoc test showed that this effect was only significant when comparing very low shear moduli to very high shear moduli. In fact, no statistically-significant changes in both maximum and average strain were found for single order-of-magnitude changes in G mem among confluent cells. However, ε eff,max did show significant changes with single order-of-magnitude changes in G mem among subconfluent cells only, which suggests that subconfluent cells may be more sensitive to the membrane shear modulus than confluent cells.
In Figure 7 , we varied the Young's modulus of the membrane, E mem , keeping h and G mem at the baseline cortex values. We varied the cortex stiffness to include several orders of magnitude above and below the baseline value of E mem = 4.5E7 dyn/cm 2 . Results indicate that increasing E mem generally decreased the membrane strain magnitudes and this effect was most significant for the subconfluent cells. ANOVA indicated that E mem was a statistically significant factor for both maximum and area-averaged strain (P < 0.001 in all cases). We also examined the change in strain localization patterns within the cells as a function of E mem (see Figure 8 ).
When the cortex had low stiffness (E mem = 4.5E4 dyn/cm 2 , Figure 8 , panels A and C), the strain patterns indicated that the cell experienced relatively uniform deformation in the direction of flow. The cell flattened out and bulged over the downstream edge, creating large regions of high strain. This type of bulging deformation was previously hypothesized to lead to membrane rupture and cell death (6) , and our models have confirmed that this behavior could arise under the influence of the large pressure gradients found near the bubble tip. However, as E mem increased, the strain localization patterns were significantly altered. When the cortex stiffness matched the experimental baseline (E mem = 4.5E7 dyn/cm 2 , Figure 8 , panels B and D), the cells did not exhibit the downstream bulge and strain localization patterns did not have a distinct upstream-downstream trend. As expected from Figure 7 , these strain localization trends were most pronounced in the subconfluent cells.
Finally, in Figure 9 , we varied cortex thickness, h, keeping E mem and G mem at the baseline cortex values. The h range was chosen to include a lower limit of double the thickness of a lipid bilayer (h = 0.01 μm) and an upper limit of five times the experimental baseline (h = 0.5 μm).
Increasing cortex thickness generally decreased the maximum strain magnitudes and h was a statistically significant factor for both maximum and averaged strains (P ≤ 0.001 in both cases by ANOVA). Again, we repeated our examination of the strain localization behavior and observed a decrease in the magnitude of the peak strains with increasing cortex thickness, but no noteworthy changes in the strain localizations patterns (images not shown). For these simulations, the chosen baseline E mem value prevented whole-cell deformation patterns like those shown in Figures 8A and 8C .
IV. Discussion
Cell Morphology Affects Injury Risk
The first aim of this study was to examine the influence of cell morphology on the risk of cell injury during airway reopening. Our cell models indicated that given the same This finding has interesting implications for the health of the epithelium and lung mechanics during ARDS. In this study, we used type II A549 alveolar epithelial cells. However, depending on the degree of confluency of the monolayer, A549 cells exhibit significant differences in characteristic morphology. In a low-confluence monolayer, A549 cells are tall and rounded, which corresponds to the typical morphology of type II cells. However, as the monolayer approaches 100% confluence, the morphology of the cells changes to a more thin and spread profile, which is consistent with the morphology of type I cells (refer to Figure 10 ). The computational models presented in this study indicate that subconfluent cells with type II morphology develop higher strains than confluent cells with type I morphology. If we correlate higher strain with an increased risk of injury, this data suggests that due to their morphology, type II cells may be at higher risk for injury than type I cells during airway reopening.
Morphology-dependent preferential injury of type II cells could lead to a loss of surfactant secretion and additional challenge to the ARDS-stressed lung.
Cell Mechanics Affects Induced Strain
The second aim of this study was to examine the influence of cell mechanics on the risk of cell injury during airway reopening. Our models showed a clear decrease in effective strain with increasing cell stiffness ( Figure 3 ) and a statistically significant dependence of strain on the membrane model (lipid bilayer versus bilayer plus actin cortex, see Figure 3 ). These results suggest that altering the microstructure and mechanical properties of the cytoskeleton and the membrane/cortex region may be an effective way to reduce bubble-induced cell injury during the ventilation of patients with ARDS. However, it might be difficult to identify effective therapies using only experimental approaches due to the complexity and heterogeneity of the cell's structural and mechanical environment. To help identify which structural/mechanical components of the cell have the greatest influence on bubble-induced injury, we performed a sensitivity analysis on the independent parameters in our cell mechanics model. Order-ofmagnitude sensitivity ratios were defined as follows, taking care to include only statisticallysignificant changes in ε eff,max with the given parameter. 
Link Between Morphology and Mechanics
Throughout this study, we have observed a relationship between morphological and mechanical factors in the risk for cell injury during airway reopening. As previously discussed, our results demonstrated that subconfluent cells develop higher strains than confluent cells for equivalent hydrodynamic loads and mechanical properties. In the preceding sensitivity analysis, we saw that for the confluent cells was nearly double for the subconfluent cells.
Although we have been discussing the sensitivity to E cell , these results can also be interpreted as sensitivity to the mechanical contribution of the membrane/cortex. As the cytoskeleton becomes softer (low E cell ), the role of the membrane/cortex becomes more dominant. Thus, the sensitivity analysis on E cell can also be interpreted as evidence that due to their morphology, confluent cells are more sensitive than subconfluent cells to the mechanical contribution of the membrane/cortex region.
Throughout this study, in our comparisons between subconfluent and confluent cells, we have assumed that the two populations have identical mechanical properties. However, previous investigators observed microstructural differences between subconfluent and confluent cells, particularly in the redistribution of actin (46) . These structural differences may be associated with differences in the mechanical properties of the cytoskeleton or cortex region. 
Model Limitations
The in-vitro model of airway reopening (Figure 2 ) involves the motion of an air-liquid interface which generates transient hydrodynamic stresses on the EpC lining the channel wall. In this study, we utilized a series of simplifying assumptions to make this complex fluid-structure interaction problem more tractable. First, in modeling the EpC using the finite element method, we have used a continuum mechanics assumption for the cell interior which is in reality a highlyinhomogeneous structure. However, a large body of previous studies have established a precedent for modeling cells as homogeneous continua (16, 23-25, 28, 32, 35) . Given the correspondence between published experiments (46) and our modeling results, we believe our models can effectively elucidate the role of cell morphology and membrane mechanics in cell injury, despite the limitations inherent in using continuum mechanics.
Another complication in modeling the A549 cells is that, to our knowledge, no direct experimental measurements of membrane/cortex mechanics are currently available for alveolar epithelial cells, so the parameters reported in Table 3 have been gleaned from other cell types.
To address the uncertainty arising from a lack of direct measurements for our cell type, we conducted a parameter variation with respect to the membrane mechanical properties, k e , k b , and k s , that spanned several orders of magnitude and almost certainly encompassed the true values for alveolar epithelial cells. In addition, we observed that the effect of cell morphology on the risk of injury was consistent throughout the large variations in membrane mechanical properties.
We have also made limiting assumptions with regard to the interaction between the cells and the air-liquid interface. In this study, we developed a decoupled fluid-structure interaction model of cell deformation during airway reopening. As previously discussed, the hydrodynamic stresses were derived from flat wall bubble propagation computations as described by Bilek et al.
(6) which neglects the stress amplification caused by non-planar cell topology. For our simulations, we chose Ca = 5E-5 to correspond to experiments. At this Ca value, the cells on the wall may deform the bubble and alter the hydrodynamic stress field. Jacob and Gaver (22) showed that this effect amplifies the maximum stresses given in Equations 1-3 and that the degree of amplification is determined by the cell aspect ratio. As shown in Table 1 , the average aspect ratio for the cell type used in this study (i.e. A549) was larger in the subconfluent population than in the confluent population. Based on the relationships developed by Jacob and Gaver (22) , these aspect ratios would result in normal stress amplification factors of ~2X for confluent cells and ~6X for subconfluent cells. However, the stress field associated with the bubble is strongly dependent on air-liquid interface curvature and we should not assume that stress amplification depends only on cell aspect ratio and not on cell shape (e.g. flat, cobblestone-like confluent cells vs. rounded subconfluent cells). In an effort to minimize the number of variable parameters in this study and focus only on the contribution of cell morphology and mechanics to stress and strain distribution within the cell, we have chosen to neglect the stress amplification associated with non-planar wall topologies at very low Ca. It should be noted that because we expect subconfluent cells to induce more stress amplification than confluent cells, we also expect that including this effect would produce even higher strains in the subconfluent cell group than in the confluent cell group, and that the conclusions would be consistent with the results we have presented.
We also simplified the complex transient airway reopening stresses by considering only the instantaneous maximum stresses and stress gradients. We have confidence in the assumption that transient effects can be neglected for this study because Kay et al. (26) observed that cell damage during airway reopening is correlated with the magnitude of the pressure gradient, not with the duration of exposure to damaging stresses. Thus, we have neglected cell viscoelasticity and have performed static simulations with elastic cell and membrane/cortex constitutive models.
It is important to note that this assumption requires that the dynamic rheological properties of the cells are unchanged, as was the case for the Kay et al. study. However, during other experimental conditions, such as the treatment of cells with cytoskeletal agents, both the cell stiffness magnitude and the dynamic rheological behavior can change, and this assumption may no longer be valid. Therefore, correlations of computational models with experiments in which dynamic rheological properties are not constant may require the development of fluid-structure interaction, transient dynamic models of this complex system.
V. Conclusions
In summary, we have developed image-based finite element models of alveolar epithelial cells to examine the influence of cell morphology and mechanical properties on cell deformation during airway reopening. We considered two cell populations, confluent and subconfluent cells, and conducted a parameter variation study on cell and membrane/cortex mechanics. We have presented the following conclusions.
Cell Morphology:
Given the same hydrodynamic load conditions and cell mechanical properties, subconfluent cells develop higher membrane strains than confluent cells and have a higher risk of injury ( Figure 3 ). This finding agrees with previous experimental observations of cell injury during airway reopening (46).
Cell Mechanics:
Membrane strain decreases with increasing cell stiffness, E cell , membrane stiffness, E mem and G mem , and membrane thickness, h (see Figures 3, 6, 7, and 9) . A sensitivity analysis also suggested that due to their morphology, confluent cells may be more sensitive than subconfluent cells to the mechanical contribution of the membrane/cortex region.
These results not only improve our understanding of experimental studies for which membrane stress-strain visualization is intractable, but also suggest areas for future investigation. For example, our results indicate that cortical mechanics may play an important role in determining the differences between subconfluent and confluent cell injury risk during airway reopening.
This observation suggests that experiments are needed to characterize the changes in deep cell cytoskeletal and submembrane cortical mechanics associated with subconfluent and confluent cells and with cytoskeleton-altering agents. Incorporating these types of measurements into the image-based cell models developed in this study and comparing computational results with experimental data on cell injury during airway reopening would be an effective way to evaluate how different drug agents may be used to prevent cell injury during airway reopening.
Figure Legends
Figure 1: Process for creating 3D image-based models of confluent (top row) and subconfluent (bottom row) cells. From left to right, confocal microscopy images (A) were used to obtain crosssectional boundary curves (B), which define the cell's apical surface. Boundary curves were then used to generate a 3D CAD model and surface map (C) of the monolayer. Finally, finite element models were used to solve for the effective strain (D). Representative cells shown were subjected to instantaneous maximum airway reopening stresses Ca = 5E-5; in general, subconfluent cells developed higher strains than confluent cells. Even when membrane models are chosen to maximize strains in the confluent cells (lipid bilayer model) and minimize strains in subconfluent cells (cortex model), the subconfluent group still has higher strains than the confluent group due to their morphology. Differences between subconfluent and confluent groups were statistically significant (all P < 0.001 by ANOVA). 
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